Precision thermometry of the skin can, together with other measurements, provide clinically relevant information about cardiovascular health, cognitive state, malignancy and many other important aspects of human physiology. Here, we introduce an ultrathin, compliant skin-like sensor/actuator technology that can pliably laminate onto the epidermis to provide continuous, accurate thermal characterizations that are unavailable with other methods. Examples include non-invasive spatial mapping of skin temperature with millikelvin precision, and simultaneous quantitative assessment of tissue thermal conductivity.
T raditional methods for skin thermography use either sophisticated infrared digital cameras for spatial imaging or simple, paste-on temperature sensors for single-point measurements. These and other related technologies have value in certain contexts, but they do not offer continuous, cost-effective precision mapping capabilities that are required for use at the point of care. For example, infrared cameras provide millikelvin precision and fine resolution in imaging, but they are expensive and require immobilization of the patient. Point contact sensors avoid these limitations, but they do not have the ability to perform spatial mapping, as typically required to extract meaningful information across the structurally and functionally heterogeneous surface of the skin. Such devices also irritate the skin and modify its natural physiological responses by thermally and mechanically loading its surface.
Here we introduce a class of thermal characterization technology that combines precision measurement with mapping capabilities, in a form that integrates intimately and non-invasively onto the surface of the skin. The devices incorporate microscale temperature sensors that can simultaneously act as micro-heaters (actuators), in arrayed layouts on thin, low modulus elastic sheets. The sensors/actuators rely on either thin serpentine features of thin metal (50 nm thick; Au) or PIN diodes constructed with nanoscale membranes of silicon (320 nm thick; Si nanomembranes). Integrated collections of such components offer mechanical properties and geometries matched to human tissue 1 , through advanced application of emerging concepts in stretchable electronics 2 . A key enabling characteristic for use on the skin is the ability to provide soft, conformal contact with the epidermis in a manner that does not constrain or alter natural motions or behaviours. This epidermal 2 design enables robust adhesion with minimal irritation or discomfort, and without measurement artefacts that can arise from relative motion of the sensors/actuators and the skin or from interference with processes such as transdermal water loss. Here, we describe these technologies and illustrate their capabilities in continuous thermal characterization of the epidermis. Examples range from temperature measurement with a precision that matches the most sophisticated infrared cameras, to assessment of thermal conductivity and effects of blood flow on thermal transport.
We built two types of system. The first consists of arrays of temperature sensors that rely on the temperature coefficient of resistance (TCR) in thin (50 nm), narrow (20 µm) serpentine traces of gold, fabricated using microlithographic techniques (Supplementary Note S1) and configured for direct external addressing. The second exploits multiplexed arrays of sensors based on PIN diodes formed by patterned doping of Si nanomembranes (Supplementary Note S2). Here, changes in temperature cause well-defined shifts in the turn-on voltage. In both cases, the devices can be used as temperature sensors, as local microscale heaters, or as both, simultaneously. Figure 1 shows representative systems supported by thin (50 µm) uniform or microperforated elastomeric substrates, or integrated directly onto the human skin. The TCR device combines 16 sensors (each ∼1 mm × 1 mm, in a 4 × 4 layout) with interconnect traces (30 µm wide and 600 nm thick) in a filamentary serpentine mesh. Thin layers of polyimide (1.2 µm) encapsulate these structures from above and below, to provide electrical insulation and a moisture barrier ( Fig. 2a ). This construction also places the metal close to the neutral mechanical plane, for improved mechanical robustness. The filamentary mesh design minimizes strain in the sensors and interconnects during deformation. The PIN system ( Fig. 2c ) combines 64 sensors (each ∼100 µm × 200 µm, an 8 × 8 layout) in a similar mesh structure, but with an interconnect design that allows multiplexed addressing. The resulting layout reduces the number of external connections from 128 (direct addressing) to 16 (multiplexed addressing), and allows straightforward scaling to increased numbers of sensors. The devices mount directly onto the skin or onto thin, uniform or microperforated sheets of silicone elastomer (50 µm, 30 kPa). Conformal attachment to the skin in all cases occurs through the action of van der Waals forces alone. The effective moduli of the systems are comparable to or smaller than that of the epidermis thereby yielding a type of integration that is mechanically invisible to the user. Devices are typically applied to skin that is mostly hairless (glabrous) or shaved. Small amounts of hair can be accommodated, as shown in Supplementary Fig. S1 . A thin, flexible, conductive cable (Elform, HST-9805-210) establishes connection to external control and data acquisition electronics. Typical measurements involve averaged outputs sampled at 2 or 0.5 Hz, to yield precision (one standard deviation) of ∼12 mK (n = 222) or ∼8 mK (n = 55), respectively, as evaluated in control experiments. Use on human skin in hospital settings increases noise slightly, resulting in a precision of ∼23 mK sampled at 2 Hz (n = 300) or ∼14 mK sampled at 0.5 Hz (n = 75; Supplementary Figs S2d,e and S3). This performance compares favourably to that of sophisticated infrared cameras, such as the one used in this work (3.0-5.0 µm wavelength, 640 × 512 pixels, 14 bits per pixel; Santa Barbara Focalplane Array, Lockheed Martin), which has a measured sensitivity of ∼24 mK (2 Hz sampling rate, n = 300; Supplementary  Fig. S2f ). We detected no hysteresis, within uncertainties, in the response of the sensors ( Supplementary Fig. S4 ). Details of the set-up, calibration procedure and addressing schemes are given in Supplementary Note S3. Shown mounted on a human wrist in Fig. 2b , the epidermal sensor arrays reveal a spatial map of temperature (right) that matches well with the image obtained by the infrared camera (left). The scalability of the procedures for microfabrication provides straightforward routes to improved spatial resolution. The numbers of independently addressable sensors can be increased with multiplexing schemes that use the PIN diodes as switching elements. Figure 2d shows a temperature map (right) of a thin film copper heater, obtained with a PIN system (left). The extremely thin and compliant construction of these devices provides important benefits. The first relates to mechanics. Here, the skin-like properties facilitate robust bonding to the skin without irritation, and enable effective isolation of the sensors/actuators from applied strain. This latter aspect is important because strain can change both the resistances and the turn-on voltages of the TCR and PIN sensors, respectively, in ways that could frustrate interpretation of the measurements. The open mesh, serpentine layouts, the neutral mechanical plane construction and the ultrathin device dimensions act together to minimize local strains on the sensors/actuators, even under relatively large system-level deformations. Motions of human skin involve a combination of wrinkling and stretching, to enable overall deformations of up to 100% in areas such as knees and elbows. The skin itself has a linear response to tensile strain up to ∼15%, nonlinear to ∼30%, and rupture at >30% (ref. 3 can be well accommodated by the thin, neutral mechanical plane device designs. Tensile strains are relieved through microscale buckling and twisting of interconnect lines within the open mesh, serpentine layouts. Finite-element analysis (FEA) and experimental results ( Supplementary Fig. S5) show, for example, that for a TCR device under a uniaxial strain of 10%, the average strains developed at the sensors/actuators are <0.02%, corresponding to <50 mK shift in the apparent temperature (Supplementary Note S4). Similar FEA on PIN systems (Supplementary Note S4) indicates maximum principal strains <0.55% ( Supplementary  Fig. S6 ). In many practical cases, modest changes associated with these small strains can be eliminated with signal processing that exploits differences between characteristic frequencies associated with motion and changes in temperature. The second consideration relates to thermal loading and response times, where the extremely low thermal masses (Supplementary Note S5) of the devices and their high degrees of water/gas permeability (Supplementary Note S6) are advantageous. For the case of devices laminated directly onto the skin with no elastomeric backing ( Fig. 1a ), the calculated thermal mass per unit area is 150 µJ cm −2 K −1 , which is the equivalent thermal mass per unit area of a layer of skin with thickness <500 nm, depending on hydration level. The addition of an elastomeric backing layer with thickness ∼50 µm, which provides support for repeated application and removal of devices, raises the thermal mass per unit area to 7.2 mJ cm −2 K −1 , which is equal to <25 µm of skin. Furthermore, the thermal inertia, a measure of the resistance of a system to changes in temperature, of the elastomer system is ∼500 W s 1/2 m −2 K −1 , which is smaller than the value, 1,000-2,000 W s 1/2 m −2 K −1 , for the skin itself 5, 6 . As a result, the sensor system can respond rapidly to changes in skin temperature. Test experiments ( Supplementary Fig. S7 ) involving application of a heated droplet of glycol on a sensor reveal response times (∼5 ms) that are far faster than any known physiological thermal process measurable at the surface of the skin. Analytical models quantitatively reproduce these time dynamics (Supplementary Note S7), thereby providing guidelines for optimized designs. For example, the polyimide encapsulation layers play key roles: increasing the thickness from 3.6 to 6.0 µm increases the response time from 3.7 to 13.1 ms. The combined effects of this small thermal mass and the permeability of the thin silicone substrates minimize physiological impacts. Temperatures measured with the infrared camera on the palm near a sensor device and directly underneath it ( Supplementary Fig. S8a,b ) show minimal differences. The effect of the system on skin hydration ( Supplementary Fig. S8c ) is also small, corresponding to an increase in relative skin hydration of <6% after 3 h of continuous use, as measured by a commercial moisture metre (Delfin MoistureMeterSC). Experiments conducted under conditions of profuse sweating demonstrate a situation that requires devices with no elastomeric backing to avoid disrupting natural processes. Devices with no elastomeric backing show no significant effect on skin temperature during profuse sweating, whereas devices with an elastomeric backing result in small temperature increases, <2 • C, directly beneath the device following high-intensity exercise ( Supplementary Fig. S9 ). Figure 3 summarizes results of measurements with a TCR device on the palm during applications of mental and physical stimuli. An immobilized configuration enables comparison to measurements with infrared images collected directly through the transparent regions of the device and in adjacent areas. The mental stimulus experiments involved 30 min of rest, followed by a series of mental math problems involving simple operators such as subtraction and division. Measurements of temperature from a representative sensor in the array and the results of spatially averaging data from a neighbouring region in the infrared image are shown in Fig. 3b . In the period before the mental stimulus, the data show clear temperature fluctuations of 0.1-1.0 • C at frequencies of 0.005-0.05 Hz. Previous studies have indicated that skin on the palm has fluctuations in blood perfusion in this frequency regime due to the sympathetic activity of arteriovenous anastomoses [7] [8] [9] [10] . The remarkable level of agreement between the various measurements throughout this experiment establishes the precision and the absence of any effects of the device on natural thermal processes. Physical stimulus, involving gently rubbing together two fingers on the hand opposite to the one with the sensor, leads to qualitatively similar behaviours, with similar levels of agreement ( Supplementary Fig. S3c) .
The low-frequency oscillations evident in the data of Fig. 3d disease and tissue hypoxia 11 , and disturbances in skin blood flow may reflect functional changes due to disease in other important organ systems 12 . As small skin temperature changes correlate with tissue blood flow 13 , they can serve as naturally occurring markers for monitoring periodic contraction and dilation of the vessels (vasomotion). Previous studies of oscillatory behaviour in blood flow at low frequencies suggest correlations to local vasomotions controlled by endothelium-derived hyperpolarizing factor (0.005-0.0095 Hz), rate of endothelial release of nitric oxide (0.0095-0.02 Hz), and sympathetic activity (0.02-0.06 Hz; ref. 14.) Continuous temperature measurements on the forearm during a 60 min rest period demonstrate capabilities in this context ( Fig. 3d ). Here, the low-frequency power spectra of temperatures from a TCR device and the infrared camera exhibit peaks at ∼0.01 Hz and ∼0.04 Hz, probably corresponding to the types of vasomotion described above. Further information and results of control experiments are given in Supplementary Fig. S8d and Note S8. In addition to use as passive monitors of natural processes, these sensors can measure time-dynamic changes associated with externally stimulated events. Figure 4 illustrates a cardiovascular screening procedure 15, 16 as an example of vasoconstrictive and vasodilative reactivity, where the vasculature adjusts blood flow through changes in vessel diameter in response to physiological stimuli 17 . Here, the device measures the temperature above the ulnar artery as part of a reactive hyperaemia protocol in which blood flow of the entire upper extremity is temporally occluded by a pressure cuff on the upper arm, and then the pressure is released. During the occlusion, the temperature of the skin (right above the ulnar artery) decreases markedly owing to lack of incoming blood flow and loss of heat to the environment. After the release of the occlusion, an overshoot in temperature above the baseline level may occur because of an increase in blood flow above the initial value. Studies have shown that the extent of vasodilation 18 , maximal percentage increase in blood flow rate after occlusion 16 , and duration of reactive hyperaemia 15 are valuable early indicators of the presence of cardiovascular risk factors. For example, the duration of reactive hyperaemia (defined as the time period between the release of occlusion and the return of blood flow to within 5% of the baseline value) was shown to be significantly lower in patients with hypercholesterolemia, diabetes mellitus, or in those who were smokers, as compared with healthy controls (80-95 s for those positive for risk factors as compared with 105-120 s for healthy controls) 15 , and the incidence of death due to cardiovascular events was shown to be significantly less likely in patients with a maximal blood flow rate >105 cm s −1 in the brachial artery during reactive hyperaemia as opposed to patients with smaller increases 16 . The responses of sensors across the array vary widely (Fig. 4c ) owing to the localized thermal effect of the hyperaemic response of the ulnar artery, confirmed by the infrared image (Fig. 4b ). The use of the spatial mapping array allows for useful measurement of the reactive hyperaemia response without precise placement of a single element above the artery. A thermal model of the human wrist (Supplementary Note S9 and Fig. S10 ) that considers the various tissues surrounding the ulnar artery, and quantitatively characterizes the heat exchange between the blood flow and the surrounding tissues, enables conversion of the measured changes in temperature (Fig. 4d , top) into changes in blood flow rate (Fig. 4d, bottom) . The temporal variation of flow during the experiment can be approximated with a piecewise, exponential-type function, corresponding to the stages of pre-occlusion, vascular occlusion, and reperfusion after cuff pressure release 19, 20 . The parameters characterizing this function are determined by the corresponding stages of temperaturetime profiles derived from experimental measurement. Figure 4d demonstrates that the calculated temperature history using the thermal model can accurately account for the experimental results. For vessel diameters and depths that lie within reported ranges (Supplementary Note S9), the peak blood flow velocity after occlusion is calculated to be 98 cm s −1 , which represents a tenfold increase over the baseline of 9.8 cm s −1 , with a reactive hyperaemia duration of 127 s. These values match well with the literature 15, 16 for a person with low cardiovascular risk.
In comparison with conventional, point-contact sensors and infrared cameras, the technologies reported here offer an additional option for delivering precise levels of heating to the surface of the skin. An important example of the expanded capabilities that follow is a strategy for determining the local thermal conductivity. This parameter is of interest partly because it is known to serve as a useful proxy for free-water content 5 , as a simple methodology to monitor skin hydration and perspiration. In this mode, the temperature of a sensor element is measured during the application of constant current over two seconds, to create a small temperature rise (<2 • C) on the skin. The thermal conductivity (k) of the skin is determined through a modification of the transient plane heat source method 21 and standardized ISO-22007-2-2008 procedure, as outlined in Supplementary Note S10. Calibration can be performed with deionized water and ethylene glycol, and verified in four water/glycol mixtures (Fig. 5a ). Figure 5c shows the temperature rise of a sensor element in contact with deionized water, air and the human forearm during measurement. A minimal power level of 1 mW, applied for two seconds, is required to obtain accurate measurements, as indicated by the large error bars associated with measurements with powers <1 mW in Fig. 5d . The characteristic depth of measurement, discussed in Supplementary Note S10, is approximately 500 µm. The simple correlation between the maximum rise in temperature and the reported thermal conductivity, shown as a shaded region in Fig. 5c and quantitatively in Fig. 5e , additionally provides a means to verify adequate sensor-skin thermal contact during long-term clinical monitoring. Figure 5e indicates excellent correspondence between thermal conductivity and hydration determined with a moisture meter (Delfin MoistureMeterSC) that uses electrical impedance. Figure 5f demonstrates the use of this technique to generate a spatial map of thermal conductivity of the skin, by individual control of the actuators. Advantages of thermal measurements of hydration compared with those based on capacitance or impedance include the ability to isolate the electronics from the skin and to measure both temperature and thermal conductivity with a single system. The results presented here demonstrate that unusual combinations of materials and device components in stretchable electronic systems can, when implemented with advanced modelling and analysis techniques, enable versatile, precision capabilities in thermal characterization of the skin. Several key features of operation suggest potential for practical use outside hospital settings, to provide real-time, clinical quality data for continuous health/wellness assessment. The microfabrication techniques used for these devices and the multiplexed schemes for addressing the sensors/actuators in them both scale in ways that create opportunities for substantially increased spatial resolution, with potential for monitoring of blood perfusion or localized thermogenesis associated with inflammatory events in tissues, as well as vascular tone and reactivity within well-defined vasculature territories, including capillary beds. Ongoing efforts into wireless device implementation will allow application of the techniques presented here to long-term studies with continuous precision thermal monitoring. Adapted versions of this technology may also allow intraoperative application to surgically exposed organs, including observation of high-frequency changes in vascular flow (for example, influenced by cardiac and respiratory rates). Furthermore, the use of combined temperature sensing and microheating arrays in clinical research may create principally new diagnostic and therapeutic approaches for medicine. Use of local heating to create skin temporal windows for localized drug delivery through targeted microvascular territory 22 , noninvasive glucose monitoring 23 , or local nutrient delivery critical for rapid, infection-resistant wound healing 24 represent additional possibilities of interest.
Methods
Fabrication of TCR devices. The fabrication, detailed in Supplementary Note S1, began with spin-coating of a thin film of polyimide (∼1.2 µm, Sigma Aldrich) on a sacrificial layer of poly(methylmethacrylate) (100 nm, MicroChem). Metal-evaporation (Cr/Au, 5 nm/50 nm), photolithography and wet-etching steps defined serpentine-shaped TCR sensors. Additional polyimide spin-coating, oxygen reactive ion etching and metal deposition for contacts and interconnects completed the array, which was then transferred to a thin silicone support and bonded to a thin, flexible cable for external connection.
Fabrication of PIN devices. The fabrication, detailed in Supplementary Note S2, began by defining n-and p-doped regions on a silicon on insulator (320 nm Si on buried oxide) wafer. The doped regions were then transfer printed onto a Si wafer coated with poly(methylmethacrylate) and polyimide. Metal-evaporation, photolithography, chemical vapour deposition and wet-etching steps defined metallization layers. Additional polyimide spin-coating, oxygen reactive ion etching and metal deposition for contacts and interconnects completed the array, which was then transferred to a thin silicone support and bonded to a thin, flexible cable for external connection.
Thermal oscillation test. A volunteer (male, 28 years old) reclined in a chair with his left forearm gently secured to the armrest using Velcro strips to reduce movement. A TCR device was placed on the ventral side of the left forearm and brought into thermal contact with a puff of compressed air. The infrared camera was placed 41 cm from the subject's left forearm, focused on the TCR device. The lights were then turned off (t = 0) and the subject was instructed to relax for 60 min. At t = 60 min the period of data acquisition ended.
Mental stimulus test.
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured gently to the armrest using Velcro strips to reduce movement. A TCR device was placed on the ventral side of the left forearm and brought into thermal contact with a low-velocity puff of compressed air. The infrared camera was placed 41 cm from the subject's left forearm, focused on the TCR device. The lights were then turned off (t = 0) and the subject was instructed to relax for 30 min. At t = 30 min an alarm sounded, and the subject was given a further 10 min of relaxation. At t = 40 min the subject began a series of mental arithmetic lasting 30 min. At t = 70 min the period of data acquisition ended.
Physical stimulus test.
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured gently to the armrest using Velcro strips to reduce movement. A TCR device was placed on the palm of the left hand and brought into thermal contact with a puff of compressed air. The infrared camera was placed 41 cm from the subject's left palm, focused on the palm at the location of the TCR device. The lights were then turned off (t = 0) and the subject was instructed to relax for 30 min. At t = 30 min an alarm sounded, and the subject was given a further 10 min of relaxation. At t = 40 min the subject began to rub the fingers of his right hand together for a period of 2 min. At t = 42 min the subject ceased rubbing and attempted to relax for a further 20 min. At t = 62 min the period of data acquisition ended.
Reactive hyperaemia test.
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured gently to the arm rest using Velcro strips to reduce movement. A pressure cuff was secured around the subject's left bicep. A TCR device was placed on the skin of the left wrist, volar aspect, approximately above the ulnar artery and brought into thermal contact with a puff of compressed air. The infrared camera was placed 41 cm from the subject's left wrist, focused on the location of the TCR device. The lights were then turned off (t = 0) and the subject was instructed to relax for 5 min. At t = 5 min the pressure cuff was inflated to a pressure of 250 mm Hg for a period of 1 min. At t = 6 min the pressure in the cuff was released. The subject was instructed to relax for 24 min. At t = 30 min the period of data acquisition ended.
Thermal conductivity and hydration measurements. Thermal conductivity was determined by analysing the temperature rise data from sensor elements during a 2 s period of heating. Each measurement occurred in three stages of measuring the voltage drop during a period of constant current using a Gamry Instruments Reference 600 Potentiostat: application of 100 µA for 2 s, switching to 1.5 mA for 2 s (heating), and switching to 100 µA for 2 s. This measurement was performed ten times on a single sensor, and the temperature rise data were analysed according to the transient plane source method, as outlined in Supplementary Note S10.
In the version of this Article originally published, in Fig. 3b,c 
Supplementary Note 3: Temperature measurements and calibrations
Temperature measurements of the TCR devices are recorded via a National Instruments PXI-6289 board with custom electronics programmed with LabVIEW software with all 16 channels recorded simultaneously at a 15 ms sampling time. The probe current employed to measure resistance was selected to be 160 μA to avoid selfheating of the sensors, confirmed to be less than 0.02 °C with IR thermometry, while maximizing signal to noise. A 16 bit A/D converter, an input range of ±200 mV, and a 160 μA probe current has 0.04 Ω bin sizes resulting in a bin size of 0.02 °C at our sampling frequency of 66.67 Hz. The sampling frequency was limited by the data transfer speed of the laptop computer.
Temperature sensor calibrations are performed by applying the devices to an aluminum plate, painted matte black, and set on a hot plate. For the TCR device, the hot plate is set to one of six temperature points from 25 °C -50 °C, allowed to stabilize for 10 min, and then the resistances of all 16 sensors are recorded for 60 seconds. The temperature is recorded using an IR thermometer, and the resistance value for each sensor is given as the average of each sensor's 60 second recording. This measurement is repeated for a total of six temperature points from 25 °C -50 °C and is used to generate the calibration curves shown in Supplementary Figure S2a . The 16 curves are separated into four groups of four, each group separated by a small resistance constant, due to the difference in interconnect length for each of the 4 rows. A typical value for the resistance change of a sensor due to temperature is 1.9 -2 Ω·°C -1 , as shown in Supplementary Figure S2a . This resistance change corresponds to a TCR value of 2.5 x 10 -3 °C -1 , which is lower than the reported bulk Au value of 3.7 x 10 -3 °C -1 . Thin metallic layers typically have lower TCR compared to their bulk material owing to a large constituent of temperature independent resistance caused by surface scattering 1 . The generated calibration equation for each sensor is then applied to future measurements to convert resistance readings to temperature. Typical data points during a 150 s measurement period on the bench and on skin are shown in Supplementary  Figure S2d -e, respectively. When data is averaged from 66.67 Hz to 2 Hz, which is shown in Supplementary Figure S2d -e, the standard deviations of the temperature readings over the 150 s periods are 0.012 °C and 0.021 °C for the sensor on the hot plate and on skin, respectively. If the data is averaged from 66.67 Hz to 0.5 Hz, the standard deviations drop to 0.008 °C and 0.014 °C on the hot plate and skin, respectively. It was observed that the absolute accuracy of the sensors would sometimes vary between experiments while maintaining the same temperature sensitivity, which would manifest itself in a constant offset in temperature reading. This is attributed to small variations in the contact resistance between the sensor contact pads and heat bonded cable used to connect to the data acquisition system. Because the sensors rely on a measurement of voltage drop through the circuit, a change in the contact resistance of the wire leads should manifest as a constant offset in temperature reading. This change was typically <5 °C over a period of months, and could be alleviated by the use of 4-point resistance measurements, or wireless data transmission in the future. To account for the potential constant resistance offset, the temperature reading of each sensor was compared to the IR camera reading at a single instance in time, and the difference was applied as a constant to each sensor's calibration equation. This was deemed reasonable because the data of interest is precise temperature changes over time, as opposed to absolute temperature accuracy.
PIN devices were measured and calibrated in the same fashion as the TCR devices, but with a different data acquisition system. PIN diodes were measured using an Agilent 4155C parameter analyzer to measure the voltage drop at forward biased current levels of 10 μA and 20 μA, which show corresponding sensitivities of 2.34 mV·°C -1 and 2.44 mV·°C -1 respectively ( Supplementary Fig. S2b-c) . Individual diodes can be addressed in the array in a multiplexed format by picking the proper row and column external contacts to apply bias, allowing current to only flow through a single diode at any given time in a format that allows for rapid switching.
Supplementary Note 4: Strain effects
Finite element analysis (FEA) was used to study the effect of device strain on both the TCR and PIN based temperature sensors. For the TCR device, the sensors were assumed to be perfectly bonded to the elastomeric substrate for modeling purposes. An applied uniaxial strain of 10% was applied in the longitudinal direction at the upper end of the substrate while the lower end was clamped. The substrate was modeled by the hexahedron element C3D8R; the sensor arrays were modeled by the composite shell element S4R in the ABAQUS finite element program. The strains in the TCR elements in the longitudinal and horizontal directions shown in Supplementary Figure  S5b -c indicate small variation across the width direction of each TCR element. Each TCR element can be taken as many small resistors connecting in parallel in the width direction followed by a series connection in the length direction. Small variation of the strain in the width direction allows us to approximate the parallel connection with an average calculation, which leads to a simplified expression of the relative resistance
where ε length and ε width are the average strains in the length and width directions, respectively. This approximation gives the upper bound of the resistance change, which is confirmed with the comparison to the experiment as shown in Supplementary Figure 5d .
SUPPLEMENTARY INFORMATION

DOI: 10.1038/NMAT3755
Unlike TCR devices with increased interconnect lengths of progressive sensor rows, the PIN device appears in a periodic mesh layout, which simplifies our analysis to a unit cell containing only one diode in the finite element analysis. Periodic boundary conditions were applied to ensure that each unit cell neither overlaps nor form gaps with adjacent cells, while a uniaxial 10% strain was applied. Element type selections are the same as described in the analysis for TCR device. Because silicon diodes are off from the neutral mechanical plane of the device, bending was induced even though only uniaxial strain was applied, as supported by the strain profiles at the top and bottom surfaces of Si diode in Supplementary Figure S6 .
Supplementary Note 5: Thermal load on skin
The thermal mass of the devices are determined for two practical constructions: with and without a 50 μm silicone supporting substrate. The devices have an overall aerial coverage of ~4 cm 2 . The calculated thermal masses that follow are given as thermal mass per unit area of skin. The device construction for the TCR device contains approximately 120 μg·cm -2 of Au, 90 μg·cm -2 of PI, and, for the case with a 50 μm silicone backing, 5 mg·cm -2 of silicone support (calculated values). The material contributions to aerial thermal mass are: 15 μJ·cm -2 ·K -1 from Au, 125 μJ·cm -2 ·K -1 from PI, and 7 mJ·cm -2 ·K -1 from the silicone backing (calculate values). This resulting overall device aerial thermal masses are 150 μJ·cm -2 ·K -1 for the case with no silicone support, and 7.2 mJ·cm -2 ·K -1 for the case of a 50 μm silicone support. The PIN system has a denser device coverage, with resulting aerial thermal mass of approximately 500 μJ·cm -2 ·K -1 for the case with no silicone support, and 7.6 mJ·cm -2 ·K -1 for the case with the silicone support. The thermal mass of skin depends on the water content where thermal mass increases with skin hydration and water content 2 . For hydrated skin, the heat capacity is approximately 3.7 J·cm -3 ·K -1 , and the device aerial thermal mass (no support) of 120 μJ·cm -2 ·K -1 is equivalent to the aerial thermal mass of skin with a thickness of 320 nm (320 nm skin thickness times 3.7 J·cm -3 ·K -1 volumetric heat capacity equals 120 μJ·cm -2 ·K -1 ). For the PIN system with the silicone support (largest thermal mass), where the thermal mass is 7.6 mJ·cm -2 ·K -1 , the device thermal mass is equal to a skin thickness of 21 μm.
Supplementary Note 6: Water vapor permeability
In order to minimize the effect of the devices on skin hydration, the devices can be applied directly to skin with no supporting substrate, as discussed in the main text. In this case, the sensors are effectively a largely void mesh on the skin, leaving the majority of the skin in the region of the sensors open to air allowing for normal water vapor transport from the skin. In the cases where a silicone support is used for robustness, the 50 μm thick silicone sheet has a small impact on skin hydration ( Supplementary Fig. S8c ) which results in a 5% (n = 6, range = 2.8% -9.5%) change in skin hydration after 3 hours of continuous use on the forearm as measured by a commercially available impedance-based skin hydration sensor (Delfin MoistureMeterSC). This change in skin hydration appears to have minimal, if any, impact on long-term temperature measurements. Supplementary Figure S8b shows two sets of temperature readings from the IR camera throughout 70 min of mental stimulus experiment. One set is taken from a region through the sensor system, and the other is taken adjacent to the sensors ( Supplementary Fig. S8a ). During the first half of the experiment, the maximum difference in temperature reading is 0.3 °C, which could be the result of non-uniform temperature changes in the hand. It should also be noted that the readings taken through the sensor patch always result in a lower IR temperature reading, when they occur, and may be due to the lower emissivity of the sensor system causing a slight decrease in IR temperature reading. During the second half of the experiment, there is a larger difference in reading between regions, likely due to real non-unformities in the temperature change of the hand.
Supplementary Note 7: Sensor response time
As shown in Supplementary Figure S7a , a TCR element is embedded in a PI layer (of thickness H PI ) on top of a layer of solaris silicone elastomer (of thickness H solaris ). The TCR element in the experiment is very thin (e.g., ~50 nm) and has thermal conductivity and diffusivity (the ratio of thermal conductivity to volumetric heat capacity) much larger (> 1600 times) than the PI such that its effect on thermal analysis of the system can be neglected. The TCR element is at a distance d below the top surface.
A warm ethylene glycol drop (or skin) on top of the PI layer heats up the entire system. The in-plane dimensions of the PI layer are much larger than its thickness such that the heat flux is mainly along the thickness direction, which can be represented by a one-dimensional heat transfer model
where T is the temperature increase (from the ambient temperature),  is the thermal diffusivity, and the coordinate x is along the thickness direction. The warm ethylene glycol (or skin) provides a constant temperature increase T 0 at the top,
The numerical analysis suggests that the natural convection at the bottom surface of solaris has a negligible effect and can be approximated by a thermal isolation condition 3 during Stage III. Besides the baseline flow rate (ω 0 ), there are five parameters in our simulations, i.e., α=ω s /ω 0 , β=ω max /ω 0 , τ 0 , t dw and τ h , whose ranges are listed in Supplementary Table 1 , based on reported experiments 7, 8 .
Finite element analyses (FEA) were carried out to solve the transient heat transfer equation, and determine the temperature distribution numerically. 4-node linear heat transfer elements were used, and refined meshes were adopted to ensure the accuracy. The boundary conditions include the heat convection at the artery wall with blood flow of body temperature (the effective heat transfer coefficient was given by Eq. (7) ), and the natural convection at the outer surface of skin with air of room temperature. The geometric and thermal-physical properties of various tissues are given in Supplementary Table 2 . For the reactive hyperemia model described above, the parameters of blood flow are determined by numerical calculations as ω 0 =15 mL/min (9.8 cm/s using a vessel diameter of 1.8 mm), ω s =3 mL/min, ω max =150 mL/min (98 cm/s), τ 0 =5 s, t dw =15 s, τ h =45 s. For this set of parameters, the temperature-time profile obtained from FEA agrees reasonably well with the experiment results (Fig. 4d ). The temperature distributions in the tissues are demonstrated in Supplementary Figure S11 for four typical stages before and after the occlusion, which clearly shows that the heating effect localizes nearby the artery and decreases rapidly away from the artery.
Supplementary Note 10: Transient plane source analysis
Thermal conductivities of skin are determined using the transient plane source (TPS) analysis 9,10 in an iterative, empirical fashion. The plane sources in this case are the individual square elements of the TCR device. The experiment consists of a 6 second measurement procedure as described in the Methods, with 2 s of heating at with 1.5 mA applied current, which generates 2 mW of power in the 1 mm x 1 mm square element. The temperature rise in the TCR element during heating is measured in the same fashion as in all experiments presented here, by measuring the voltage drop with a known applied current. The transient heating of a square plane has been shown to follow (9) Where P 0 is the power output from the TCR element and approximated as constant during heating due to the <2% resistance change during heating, 2a is the width of the heater square (a = 0.5 mm in this case), k is the thermal conductivity, ΔT is the average temperature rise in the heater, τ is given by where α is the thermal diffusivity of the medium, and H(τ) is given by (11) where τ is solved iteratively to generate a linear relation of ΔT(τ) with H(τ), where H(τ) is solved numerically. Thermal conductivity, k, is then determined from this relation.
In our studies, deionized water is used as a calibration medium of known thermal conductivity (0.6 W·m -1 ·K -1 ) to generate an effective length value for a, which is then used in all subsequent measurements to determine thermal conductivity. The determination of an effective length allows us to correct for geometrical differences from an ideal plane source, such as our serpentine wire structure and finite plane, as well as the presence of the silicone backing followed by air on the back of the sensor. It is also noted that the probing depth of the measurement is given as (12) where β is a constant of approximately 1 and t max is the time length of heating, which gives a probing depth of approximately 500 μm for our experiments here.
Supplementary Figure S3: Noise measurements in clinical exam room. (a)
Temperature measurements on skin from a TCR array element taken in a clinical exam room at Northwestern Memorial Hospital in Chicago, IL (std. dev. = 0.023 °C, after linear trend is removed). Measurements were performed while simultaneously running many pieces of electrical equipment, beyond what is expected in a typical exam room, as shown in (b). 
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